Abstract: An alternative optical coherence tomography (OCT) to clinical ophthalmic 830 nm spectral-domain OCTs (SD-OCT) is demonstrated. An axial resolution of 7.4 μm, ranging depth of 4.2 mm in tissue, sensitivity of 98.5 dB, and detection speed of 38,300 axial scans/s have been achieved. These are comparable or superior to those of recently commercially available ophthalmic 830 nm SD-OCTs in clinics. In addition, fast volumetric imaging for the in vivo human posterior eye with high-contrast of the choroid is achieved. A broadband 1.04 μm light source enables the high-contrast and high resolution imaging of the retina and choroid. The ranging depth is extended by applying a full-range imaging method with an electro-optic modulator (BM-scan method). A prototype high-speed InGaAs line scan camera with 1024 pixels is used. A newly reported sensitivity improvement property of the BM-scan method demonstrates a sensitivity enhancement of 5.1 dB. We also introduce a newly developed resampling calibration method of spectrum that is independent of the intrinsic dispersion mismatch of the interferometer. The three-dimensional structure of the in vivo human optic nerve head with a very deep cupping is successfully visualized. 
Introduction
The recent developments in spectral-domain optical coherence tomography (SD-OCT) [1, 2] achieve high-speed three-dimensional imaging due to its superior sensitivity than those of timedomain techniques [3, 4, 5, 6] . This modality enables high-speed 3D retinal imaging [7] and the precise morphological investigation of retinal pathologies [8, 9] .
One of the limitations of the clinical OCT imaging of the human posterior eye is the absorption by water which is the main content of the transparent media, i.e., the aqueous humor and vitreous. To maximize the transmittance of light, a light source with an optical wavelength band of 830 nm which is located around the local minimum in the absorption coefficient of water is used for the OCT imaging of retinal pathologies. Therefore, the light is delivered to the posterior part of the eye efficiently. However, this wavelength band suffers from high absorption coefficients of pigmented tissues such as the retinal pigment epithelium (RPE) and the choroid [10] . Furthermore, the shorter wavelength is scattered more severely in tissues. These facts results in the low penetration of light into deep regions and the less imaging contrast.
According to several studies conducted to investigate the optimal wavelength band in ophthalmic OCT imaging, 1 μm wavelength band is suitable for high-sensitive and high-contrast imaging of the retina and deeper regions of the choroid [11, 12] . By using this wavelength band, high-contrast in vivo imaging beneath the RPE is demonstrated [13, 14, 15, 16] . Because this wavelength is longer than the wavelength band of 830 nm, the absorption coefficients of the ocular pigmented tissues decrease [10] , while the absorption coefficient of water has a local minimum at a wavelength of 1.06 μm [17] . Furthermore, the depth-dependent broadening of the axial point spread function of the OCT images is suppressed due to low chromatic dispersion of water [18] .
Currently, high-speed 1 μm OCT is achieved by employing the frequency domain detection technique with a wavelength-scanning light source-swept-source OCT (SS-OCT) [13, 14, 15] . However, the axial resolution is limited to approximately 10 μm in tissue. To clearly reveal the fine structures of the retina such as the RPE, inner/outer segment junction, and external limiting membrane which are related to diagnose retinal pathologies, a high axial resolution is preferred. Považay et al. have demonstrated 1 μm band SD-OCT with an axial resolution of ∼ 7 μm [16] .
However, the imaging speed is slower than those of commercially available ophthalmic 830 nm SD-OCTs in clinics. In addition, its imaging depth range is limited into 1.7 mm since an InGaAs line scan camera with a small number of pixels is used. It cannot cover an entire deep cup of the optic nerve head (ONH) with and a height of a large elevation in retinal pathologies, such as severe age-related macular degeneration.
In SD-OCT, there are several factors which restrict its axial imaging range. The fraction of the axial range and resolution is restricted by the number of pixels; thus, high axial resolution and a small number of pixels result in short ranging depth. Furthermore, unwanted signals, which are the so-called a mirror image, dc, and autocorrelation artifacts, limit the axial imaging range into half. Because of the existence of these signals, the depth-resolved structural image cannot be located around zero-delay, which is the most sensitive region since the finite spectral resolution causes the depth dependent decay of the signal-to-noise ratio (SNR).
The solution of these problems is to resolve the complex ambiguity [19, 20, 21, 22, 23, 24, 25] . The mirror image, dc, and autocorrelation artifacts can be removed by obtaining the complex spectrum. Thus, the ranging depth becomes double and the images can be placed around zero-delay.
In this study, we demonstrate an alternative 1 μm SD-OCT to clinical ophthalmic 830 nm SD-OCTs. By using a broadband light source of 1 μm, imaging of the human posterior eye with a high-resolution and high-contrast in the choroid is enabled. A prototype of a high-speed InGaAs line scan camera is used and fast 3D volumetric imaging is achieved. To overcome the limited depth range due to the small number of the pixels, the BM-scan method [26, 27, 28, 29, 30, 31] , which is one of full-range SD-OCT techniques, is used because of its simple configuration and high tolerance of phase-shift errors. In this method, phase modulation (Mscan) is applied to the reference beam while a mechanical scanner scans the sample beam laterally (B-scan); then, OCT image and its mirror image are separated in temporal frequency domain. For this BM-scan method, a discrete phase modulation is applied with the electro-optic modulator (EOM) to avoid the fringe washout. Volumetric posterior eye imaging is performed using this system. Three-dimensional structure of the ONH with deep cupping can be obtained which requires the deep ranging depth.
Full-range 1 μm SD-OCT system

Experimental setup
The system is based on the unbalanced Michelson interferometer, as shown in Fig. 1 . By using a broadband 1 μm ASE light source (NP Photonics), posterior eye imaging can be achieved with high-penetration and a high resolution. The light source has a central wavelength of 1042 nm and a spectral width (FWHM) of 62 nm. The axial resolution was measured to be 7.4 μm in tissue. The light from the fiber-coupled light source is divided and delivered to the sample and reference arms by the 10/90 fiber coupler. In the sample arm, 10 % of the light is delivered to the retina via the customized retinal scanner based on 3D-OCT 1000 (Topcon Corp., Tokyo, Japan). The power of light incident on the cornea is 840 μW. This power is lower than the exposure limit prescribed by the ANSI safety standard, i.e., 1.68 mW at 1040 nm with duration of over 10 s [32] . The expected beam width on the retina is about 20 μm. For full-range imaging, the EOM is introduced in the reference arm to modulate the phase of the reference beam. The polarizer before the EOM extracts the polarization state of the reference beam parallel to the optic axis of the crystal in the EOM. The optical power of the reference beam is optimized by the variable neutral density filter in order to maximize the sensitivity of the system. The recombined light is resolved by the high-speed spectrometer using the collimator lens, transmission grating (1450 lp/mm, Wasatch Photonics Inc.), achromatic lens pair (f = 300 mm and 150 mm, assemble a composite lens with f = 120 mm), and a prototype of a high-speed InGaAs line scan camera (Hamamatsu Photonics K.K., Hamamatsu, Japan). The line scan camera has 1024 pixels with a pitch of 25 μm and a height of 100 μm and can be driven a line rate of up to 44.7 kHz. The data is transferred to a personal computer via Camera Link connection.
The waveforms to drive the system are shown in Fig. 2 . The EOM is modulated with a discrete sawtooth waveform, and the update timing of applied voltage is synchronized to the end of the camera integration in order to minimize the reduction of the SNR due to the fringe washout. It is a four-step sawtooth waveform with a modulation depth of 3π/2 radians. The phase offset between each step is π/2. It corresponds to the wrapped linearly increased phase modulation with a slope of π/2 radian/step. In the current setup, the integration time, τ, and the reset time of the capacitor of the camera are set to be 20.1 μs and 6 μs; thus, the acquisition rate is 1/T = 38.3 kHz. The reset time is selected to avoid that the camera integrates during the EOM is unsettled. The scanning of the beam spot is applied simultaneously to this modulation. The ratio of scanning spacing to the beam spot size should be, at least, smaller than π/8 as mentioned in Sec. 4.
Spectrometer calibration with dispersion mismatched interferometer
SD-OCT requires the spectral interferometric fringe to be evenly sampled in terms of wavenumber in order to reconstruct the axial profile of the tissue with fast Fourier transform (FFT). In general, the detected interferometric spectra are resampled. We have developed a spectrum resampling method based on a phase of a pre-detected interferometric fringe with a single layered reflector as the sample [33] . However, it is based on the assumption that the dispersions of the sample and reference arms are balanced. Otherwise, the dispersion mismatch causes the wavelength dependent phase offset in the spectral fringe and adversely affects the resampling method. The phase of the spectral interference signal is used in order to obtain the resampling points. A single reflective surface such as a mirror is placed on the sample arm of the interferometer, and the spectral signal is obtained with the spectrometer. The number of photoelectrons acquired by the line scan camera can be expressed as
where k is the wavenumber; ξ j , the position of each pixel on the line scan camera; q, the quantum efficiency of the camera; η, the diffraction efficiency of the spectrometer; P s and P r , the optical power of the sample and reference beams, respectively. The third term in parentheses denotes the interferometric signal. z 0 is the optical path length difference between the sample and reference arms at the central wavenumber k 0 . Δφ CD (k) is the phase difference introduced by the wavelength-dependent optical path length difference. If there is no chromatic dispersion mismatch of higher than second order between the sample and reference arms, Δφ CD (k) becomes proportional to k; therefore, the previous algorithm [33] can be applied directly. How-ever, if it is not, the spectrum resampling will be fail and the OCT signal will be broadened depending on the depth. To cancel the dispersion mismatch effect, one additional reference spectrum with different axial position of the reflector is measured. The phase of this interferometric fringe can be described as 2k(ξ j )z 0 + Δφ CD (k). Since the dispersion mismatch is not changed in both cases, the phase offset of the fringes due to the system dispersion can be canceled out by subtracting both phases of the spectral fringes.
Since the resulting spectral phase difference Δφ (ξ j ) changes linearly with the wavenumber k, it can be used to determine the resampling positions. In Fig. 3 , the axial profiles of several depths of a reflector are shown. The profiles of directly Fourier transformed raw spectra exhibit broadening due to the nonlinear spacing of the spectra in k-space (Fig. 3A) . Because of the dispersion mismatch of the system due to the unbalanced fiber length and different optical components, the broadening is not monotonically increased. The axial profiles obtained by the previous method (Fig. 3B) show a false calibration of the spectrometer nonlinearity, where the narrowest point spread function is achieved at around 200-th pixel. This is because the interference signal with a delay of ∼ 200-th pixel (blue asterisk) is used to decide the resampling points. By applying the new method, the profiles are equally broadened since only the effect of the dispersion mismatch remains (Fig. 3C ). This shows that the new method is independent of the system dispersion mismatch. The axial profiles are sharpened in the entire axial range after automatic numerical dispersion compensation [14] (Fig. 3D ).
Signal processing of full-range SD-OCT imaging
For full-range imaging, the complex spectrum is obtained by employing the BM-scan method [26] and by applying conventional SD-OCT processing. A schematic diagram of the processing method is shown in Fig. 4 . After subtraction with an averaged spectrum, a two-dimensional spectrum with one-dimensional beam scan (Fig. 4A) can be described as
where p(k j ,t) is the electric field of the light on the line camera that is backscattered from the tissue at the lateral scanning position x(t). r indicates the field of the reference light. It is Fourier transformed along the time axis t.
where F l [](n) denotes the discrete Fourier transform from the time domain to the temporal frequency domain and ⊗ is the convolution operator. f A = 1/T is the line rate of the camera, and the number of spectra, N A , is obtained for one image. The first term of Eq. (4) and residual error of the spectrum subtraction are appeared as the central peak as in Fig. 4B . Since the phase of the fringes are modulated along the time axis by using the EOM with a step of π/2 radian, the complex interferometric signal and its complex conjugate corresponding to second and third terms in Eq. (4) are separated in the temporal frequency domain. One of them is clipped out by multiplying a window function W ( f ). Then, it is inverse Fourier transformed to achieve the complex 2D spectrum I (Fig. 4C) .
After resampling (Sec. 2.2), we apply the iterative dispersion compensation method and inverse FFT from the k-axis to the z-axis, in order to reconstruct the complex-ambiguity-free image (Fig. 4D) .
Performance of the system
To characterize the system performance, the fiber of the sample arm is reconnected to a reflector, as shown in Fig. 1 (broken line) . Several axial scans with several delays are obtained and these axial profiles are shown in Fig. 5 . The complex conjugate signals are broadened by the twofold effect of the dispersion mismatch because of the numerical dispersion compensation. They are removed via BM-scan method (Fig. 5B ) and a depth range of 5.7 mm in air (4.2 mm in tissue) is achieved. The axial resolution was measured in these profiles by the following method. The number of sampling points was increased from 1,024 to 16,384 by zero padding before the Fourier transform. The mean full width at half maximum of the peak was measured to be 7.4 μm in tissue. The discrepancy from the expected resolution of 5.6 μm is perhaps due to the nonGaussian shape of the source spectrum and the wavelength dependency of optical components. The shot-noise-limited sensitivity is estimated as 108.7 dB by introducing the sample beam with a power of 1.37 mW to the reflector. Since the detector noise is relatively higher than the noise of silicon-based CCD camera, the expected sensitivity considering the camera noise and intensity noise of the light source is calculated as 103.4 dB with the optimal reference power. Currently, the sample beam is unpolarized, while the reference beam is polarized by the linear polarizer in the reference arm; thus, half of the sample beam power is lost. Moreover, the light power is reduced by approximately -2.2 dB when it is recoupled into the fiber optics. Consequently, the system sensitivity is predicted as 98.2 dB. Figure 6 shows the depth dependent sensitivity of the system with/without the BM-scan method. The results are fitted by the theoretical sensitivity decay curves [34] . The offsets of the fitting curves are 93.4 and 98.5 dB. There is a sensitivity gain in full-range imaging since the BM-scan method functions as a bandpass filtering. The offset difference of the fitting curves is 5.1 dB.
In the practical system, the sensitivity is predicted as 94 dB with the probing power of 840 μW from the optical loss of the retinal scanner -2.27 dB. This reduction may come from vignetting due to the small diaphragm and reflections at several optical components in the retinal scanner.
To define the complex conjugate rejection ratio (CCRR), full-range axial profiles are obtained by applying the dispersion compensation and opposite compensation (Fig. 7A) . Then, the peak values of the OCT signals and theirs complex conjugates are compared. The depth-dependent CCRR is shown in Fig. 7B . It shows that the depth dependence of the CCRR is almost constant. The mean of CCRR is 26.8 ± 0.4 dB. Furthermore, in practical imaging, the dispersion compensation is applied to sharpen a OCT image; its mirror image is blurred. The intensity ratio of the signal to its complex conjugate is larger than the CCRR, e.g., ∼ 41.2 dB in this particular experiment.
In vivo posterior eye imaging
The human macula lutea is scanned with the developed system. The image is shown in Fig. 8 Figure 9 shows the cross-sectional images of the ONH (31 y/o male, right eye). With the conventional imaging, the mirror image disturbs the OCT images. By applying the BM-scan method, the structure of the deep cup is observed. In the sequence of cross sections, it is found that there is no missing frame due to sample motion, and in vivo three-dimensional full-range imaging is achieved. In some cross sections, small spots appear beneath the retinal blood vessels (Fig. 10) . Because of the fast blood flow velocity of such large retinal vessels, the Doppler shift of the backscattered light from the blood in these vessels exceeds half the line rate, f A /2. Thus, the mirror image is observed. Three-dimensional structure is shown in the volume rendering image (Fig. 11) . The deep ranging depth covers the entire deep cup with high signal intensity.
In the other sample (27 y/o male, left eye), the pore structure at the lamina cribrosa is clearly visible (Fig. 12) because of the high penetration of the 1 μm probe beam.
Discussions
The BM-scan method includes the effect of bandpass filtering. Thus, provides the sensitivity gain since the signal is concentrated but the noise is distributed in temporal frequency domain [35]. This gain depends on the shape of the filter as follows:
where 0 ≤ W ( f ) ≤ 1 denotes the window function used for Fourier filtering and f A is the sampling rate of the spectrum. Here the noise is assumed to be white noise. This assumption is reasonable because, in the detection band of SD-OCTs (0 Hz to over 10 kHz), the flicker noise is ignorable comparing to the total noise power [36] , and the frequency dependence of intensity noise of a light source will be quite low. In our case, the flat-topped window function is used. of the large systematic dispersion mismatch is excluded in the new spectrometer calibration algorithm. By using this system, high-penetration, high-resolution in vivo volumetric imaging of the retina and choroid is performed for normal eyes. Full-range imaging with high tolerance for the volunteer's head movement is achieved due to high-speed acquisition. The resulting deep ranging depth due to full-range imaging enables the morphological imaging of the deep cup in the ONH.
